We have developed an improved adaptive optics -optical coherence tomography (AO-OCT) system and evaluated its performance for in vivo imaging of normal and pathologic retina. The instrument provides unprecedented image quality at the retina with isotropic 3D resolution of 3.5 x 3.5 x 3.5 μ m 3 . Critical to the instrument's resolution is a customized achromatizing lens that corrects for the eye's longitudinal chromatic aberration and an ultra broadband light source (Δλ=112nm λ 0 =~836 nm). The eye's transverse chromatic aberrations is modeled and predicted to be sufficiently small for the imaging conditions considered. The achromatizing lens was strategically placed at the light input of the AO-OCT sample arm. This location simplifies use of the achromatizing lens and allows straightforward implementation into existing OCT systems. Lateral resolution was achieved with an AO system that cascades two wavefront correctors, a large stroke bimorph deformable mirror (DM) and a microelectromechanical system (MEMS) DM with a high number of actuators. This combination yielded diffraction-limited imaging in the eyes examined. An added benefit of the broadband light source is the reduction of speckle size in the axial dimension. Additionally, speckle contrast was reduced by averaging multiple B-scans of the same proximal patch of retina. The combination of improved micron-scale 3D resolution, and reduced speckle size and contrast were found to significantly improve visibility of microscopic structures in the retina. F. de Boer, "In vivo high-resolution video-rate spectral-domain optical coherence tomography of the human retina and optic nerve," Opt.
Critical to the instrument's resolution is a customized achromatizing lens that corrects for the eye's longitudinal chromatic aberration and an ultra broadband light source (Δλ=112nm λ 0 =~836 nm). The eye's transverse chromatic aberrations is modeled and predicted to be sufficiently small for the imaging conditions considered. The achromatizing lens was strategically placed at the light input of the AO-OCT sample arm. This location simplifies use of the achromatizing lens and allows straightforward implementation into existing OCT systems. Lateral resolution was achieved with an AO system that cascades two wavefront correctors, a large stroke bimorph deformable mirror (DM) and a microelectromechanical system (MEMS) DM with a high number of actuators. This combination yielded diffraction-limited imaging in the eyes examined. An added benefit of the broadband light source is the reduction of speckle size in the axial dimension. Additionally, speckle contrast was reduced by averaging multiple B-scans of the same proximal patch of retina. The combination of improved micron-scale 3D resolution, and reduced speckle size and contrast were found to significantly improve visibility of microscopic structures in the retina. 
Introduction
The use of optical coherence tomography (OCT) [1] [2] [3] [4] [5] [6] [7] [8] compared to standard AO-OCT. In this paper we describe the next generation of our AO-OCT instrumentation where a broader spectral bandwidth light source combined with a custom designed achromatizing lens is used to increase measured axial resolution to ~3.5 μm, without reduction in the lateral resolution and image quality. Results obtained with this improved AO-UHR-OCT system are provided and some performance measures are compared to our previous AO-OCT instrument that had a measured axial resolution of ~6.5 μm. Additionally, benefits of speckle size reduction due to increased light source spectral bandwidths and a method to further decrease speckle contrast [28] are presented and tested.
Materials and methods

AO UHR-OCT instrument
Most of the main components and imaging procedures of our AO-UHR-OCT system have been described in our previous publications on AO-OCT [16, 17, 19] . Therefore, here we will focus mainly on the new components that make AO-UHR-OCT imaging possible. Briefly, light from a superluminescent diode is split by a 90/10 fiber directional coupler into the reference and sample arms of the OCT system's Michelson interferometer, respectively. The measured light level at the entrance pupil of the subject's eye does not exceed 400 µW. An AO system has been introduced into the OCT sample arm to allow correction of the subject's ocular aberrations. Light back-scattered from the retina is combined with light from the reference arm and the spectral fringes are acquired in the detection channel of the OCT spectrometer. A water cuvette placed in the reference arm approximately matches the chromatic dispersion induced by the human eye in the sample arm; any remaining dispersion mismatch is corrected by Fd-OCT reconstruction software [16] . This system occupies a 5 ft x 6 ft laboratory optical table. The OCT-control unit drives vertical and horizontal scanners with programmable scanning patterns (max of 4° field of view), acquires ~18k lines/s for 50 μ s line exposures and displays 32 frames/s with 500 lines/frame of OCT data. An AO-control system operates the AO closed loop correction at a rate at 16 Hz.
The current AO control software allows AO correction for a single DM at a time, i.e. while one DM is correcting in a closed loop, the second DM is either in a holding mode (retaining its shape from its previous iterations) or in an inactive mode (flat state). The system operator determines which DM is activated and in which order. The same light source is used for both wavefront sensing and imaging, to permit the OCT data to be saved without interfering with the AO system operation. In the optical design of our AO-OCT sample arm, we used a series of focal telescopes to image the eye's pupil on all key optical components, including vertical and horizontal scanning mirrors, wavefront correctors DM 1 and DM 2, the Hartmann-Shack wavefront sensor and the fiber collimator for light delivery. The magnification factor, γ , between the eye's pupil and the planes where the DMs are situated depends on the physical dimensions of the wavefront correctors. Accordingly, it was 1.51x for the AOptix Bimorph mirror, DM 1 (~10 mm diameter pupil image), and 0.47x for the Boston Micromachines MEMS mirror, DM 2 (~3.125 mm diameter pupil image) based upon the ~ 6.6 mm subject pupil diameter used for imaging. Figure 1 shows a detailed view of the sample arm of the system, including a simplified schematic of the focal telescopes depicting all optically conjugated planes to the eye's pupil and retina. The actual layout of the sample arm, as visualized by the optical design program Zemax, which was used to evaluate the optical performance of the AO-UHR-OCT sample arm, is also presented. Note that spherical mirrors are used in all telescopes in this system. Another feature of our 2 DM AO control is the ability to set the AO correction reference focus at any depth within the retina by introducing a given amount of defocus to the H-S centroid reference file, which, in turn, shapes the profile of DM1 accordingly. Once a certain amount of defocus is introduced to DM1, the AO correction is performed the same way as described above, i.e., DM1 is activated first to correct for the lower-order aberrations and then DM2 is activated to correct for the remaining higher-order aberrations, while DM1 is held to the shape of its last iteration. This provides an important research tool as it allows fine adjustment of the focusing plane within the retina without reduction in AO performance, resulting in depth of focus on the order of less than 50 μ m, which is only a fraction of the whole retinal thickness. Additional details on our 2DM-AO system components can be found elsewhere [19] . 
Chromatic aberrations of the human eye
The human eye suffers from significant chromatic aberrations, due primarily to its watery composition whose refractive index varies with wavelength. The longitudinal (LCA) and transverse (TCA) components of the ocular chromatic aberrations have been extensively studied at visible [29] , and more recently near infrared wavelengths [30] [31] [32] . LCA and TCA refer to the variation in focus and image size with wavelength, respectively. Numerous achromatizing lenses have been designed based on a zero-power triplet for specific correction of LCA in the human eye [33] [34] [35] [36] . By themselves, triplets exhibit substantial TCA when used off axis, and therefore more complex designs (combination of triplets and doublets) have been proposed for improved performance [37, 38] . These designs have proven effective at correcting the eye's LCA, which is largely uniform across eyes and insensitive to field angle. However regardless of the design, similar success has not been achieved with correcting the eye's TCA, which varies across eyes and is highly sensitive to field angle. In some cases, slight misalignment of the achromatizing lens to the eye was found to substantially increase the TCA, well above that with which the eye is endowed. Despite mixed success of the achromatizing lenses to improve visual performance, high-resolution retinal imaging, in particular AO-OCT, represents a potentially more promising application. AO-OCT instruments have several key attributes that reduce the demand on the achromatizing lens. These include a comparatively small field of view, imaging at near-infrared wavelengths, a limiting pupil that is specified by the retina camera rather than the eye, stabilization of the subject's head with a bite-bar stage and forehead rest rather than a chin rest, and raster scanning of the retina using galvanometer scanning mirrors.
While an achromatizing lens has already been suggested for AO-OCT retinal imaging [31], our strategy and results differ on several fronts. First, our design and analysis of the achromatizing lens focuses on the above system attributes specific for retinal imaging rather than general performance characteristics of the lens, as for example for lens tilt and translation errors. While such general analysis is valuable, it is not necessarily applicable to the problems encountered in retinal imaging. Second, our achromatizing lens is designed for placement at the light input of the AO-OCT sample arm. Third, as supportive evidence of the benefit of the achromatizing lens, in vivo images of normal and pathologic retina are acquired with AO-OCT and AO-UHR-OCT systems, the latter endowed with an achromatizing lens. To our knowledge, these represent the first such images obtained with this combination.
TCA for retinal imaging
Achromatizing lenses do not correct for TCA of the eye, which can be substantial and can dilute the benefit of the LCA correction by the lens. To determine the extent to which TCA impacts retinal imaging and the conditions under which it can be held at acceptable levels for high-resolution retina cameras, we investigated theoretically the eye's chromatic performance using a reduced eye model. This model was chosen owing to its simplicity and prior validation for studying chromatic effects in the human eye [39] [40] [41] . For this model, the nodal point of the eye is located at the center of curvature of the single refractive surface. As shown in Figs. 2(A)-2(D), the sample arm of the AO-OCT camera from Fig. 1 is reduced to its key components that capture the effect of the ocular chromatic aberrations: a point source (fiber tip), collimating lens, achromatizing lens, several conjugate retinal and pupil planes internal to the system, and finally an external exit pupil. All components of the camera are concentric and aligned to the optical axis (OA) of the camera. For this arrangement, degradation of camera performance by tilt and lateral translation of the achromatizing lens relative to the camera's optical axis (as reported in other publications) is not relevant since the achromatizing lens can be aligned accurately and straightforwardly to the camera's axis. The eye's entrance pupil is positioned conjugate to and centered on the camera's exit pupil, a step consistent with standard alignment practice of high-resolution retina cameras. Note that the exit pupil of the camera (in our case 6.6 mm) is smaller than the entrance pupil of the eye (about 8 mm) and therefore represents the limiting pupil of the eye-camera system. Important to our analysis is the achromatic axis (AA) of the eye that is defined as the line that intersects the nodal point, N, and entrance pupil center, E, of the eye. Note that the eye and camera share the same achromatic axis whenever the camera's optical axis passes through the eye's entrance pupil, E, and nodal point, N. One required condition for this to occur is that the eye's entrance pupil must be centered on the camera's exit pupil, a condition that holds for all of the imaging experiments in this paper. TCA is by definition zero along the achromatic axis and therefore lateral resolution at the retinal point intersected by this axis is dictated entirely be monochromatic aberrations and diffraction. retinal imaging scenario (without an achromatizing lens) in which ocular chromatic aberrations cause shorter wavelength light to focus closer and longer wavelength light further away. This causes appreciable LCA (~2 diopters across the visible spectrum). On the other hand, TCA is zero as the achromatic axis of the eye co-aligns with the optical axis of the camera. Insertion of an achromatizing lens [ Fig. 2(B) ] of equal but opposite LCA to that of the eye brings to focus both short and long wavelength light at the retina. In this case, LCA of the eye-camera system is zero. As the achromatic axis of the eye remains co-aligned to the optical axis of the camera, TCA also remains zero. This scenario illustrates the ideal case in which the longitudinal and transverse chromatic effects are fully corrected. Imaging for this scenario, however, is confined to the patch of retina through which the achromatic axis of the eye passes. Figure 2(C) illustrates the situation in which patches of retina at other retinal eccentricities are imaged. In this case, the eye is rotated by φ about E, while the eye's pupil remains centered on the camera's exit pupil (which follows standard practice for aligning AObased cameras). In Fig. 2(B) , the fiber tip is imaged to different axial locations inside the camera depending on the wavelength. This effect, while inconsequential when the optical axis of the camera and achromatic axis of the eye are co-aligned, leads to chromatic parallax when the two are not. This is the scenario depicted in Fig. 2(C) and shows the impact of lateral displacement of the eye nodal point relative to the optical axis of the camera. As described by Zhang, et al., (see Eq. (2)) [39] , the resulting TCA in radians for this scenario is
where F a and F b are the dioptric powers of the achromatizing lens for the extreme wavelengths a and b of the source spectrum. h is the lateral displacement of the nodal point from the optical axis of the camera and is expressed as
|NE| is the geometrical distance between the nodal point, N, and center of the exit pupil, E, and φ is the rotation of the eye about E. Finally, as shown by Fig. 2(D) , chromatic-aberrationfree imaging can be recovered if rotation of the eye, φ, is accompanied by sufficient lateral translation, h, such that the nodal point shifts back onto the camera's optical axis. Note that repositioning the nodal point requires the camera's exit pupil (6.6 mm for our camera) to be smaller than the eye's entrance pupil (>8 mm for our subjects). Naturally, there is a limit to how much the eye can rotate before the pupil of the eye apodizes the beam. In summary, Fig. 2 (C) conveys the two primary contributors of TCA for retinal imaging: (1) errors in the lateral positioning of the eye, h, relative to the optical axis of the retina camera and (2) off-axis imaging, φ, i.e., imaging away from the achromatic axis of the eye. To theoretically address the impact of each on camera performance, we quantified the magnitude of TCA using the reduced eye model, Eqs. (1) and (2), and ocular dispersion at near-infrared wavelengths. Several near-infrared bands were chosen that correspond to common OCT light sources. Additionally, we quantified the range of eye rotation over which TCA can be zeroed with appropriate lateral shift of the eye, typical pupil sizes, and a priori knowledge of the nodal point location.
Correct LCA with a customized achromatizing lens
Similar to the design strategy of Fernandez, et al.
[31], we simulated in Zemax software the chromatic effects of the achromatizing lens and employed the Navarro eye model [36] with Atchinson and Smith's extension to the near infrared region [32] . In contrast to Fernandez, et al., the performance of the achromatizing lens was optimized in the actual model of the sample arm of an AO-UHR-OCT imaging system (as shown by the lower panel of Fig. 1 ). The lens was specifically designed for placement at the entrance of the sample arm and adjacent to the collimating objective. This position prevents back reflections from the flat surfaces of the achromatizing lens from entering the SH wavefront sensor, which may otherwise occur if placed between the subject's eye and sensor. Figure 3 shows a schematic of the achromatizing lens and collimating objective. The achromatizing lens is inserted into the same optomechanical mount tube as the collimating objective (commercial achromat). This assures that the achromatizing lens is well centered on the system's optical axis and pupil. Another advantage of this design is that no extra pupil plane is required in the imaging system, thereby allowing straightforward integration into existing instruments with only minor modifications. The achromatizing lens design was based on simulation in Zemax to minimize LCA over the wavelengths of our light source. This was accomplished by varying curvature, thickness and optical material used in fabrication of the achromatizing lens. To minimize cost, only stock optical glass was considered
Speckle reduction
Speckle noise is intrinsic to OCT due to its coherent detection scheme. The lateral dimension of the average speckle is governed by the numerical aperture of the imaging system and is approximately equal to the diffraction-limited spot size. The axial dimension of speckle, on the other hand, is governed by the source spectrum and is approximately equal to the axial coherence length of the source. The use of the maximum possible NA with a pupil size of 6-7 mm of AO-based retinal imaging systems make them naturally fitted to reduce lateral speckle size. Additionally, the implementation of ultra broadband light sources in UHR-OCT showed a clear improvement in reducing degradating effects of speckles on image quality. Therefore, an AO-UHR-OCT instrument offers the best possible speckle size reduction in lateral and transverse directions, improving the visibility of retinal features. A greater reduction of speckle appearance would still be of interest. Unfortunately we are at the limit of the accessible NA of the imaging system because the pupil cannot be dilated much further. A possible increase of the spectral bandwidth is still possible, however it requires more costly light sources, and detectors, and a more complex optical design to correct the eye's chromatic aberrations. As already pointed out this design should not be limited to LCA alone, but must also compensate for TCA. However there have been recent reports on simple methods of speckle contrast reduction by averaging of multiple OCT B-scans [28] . This method is not feasible for volumetric imaging, with the acquisition speed of our current system, but it can be applied to single location B-scans. In the speckle reduction procedure presented in this paper we used sets of B-scans acquired over the same 0.5 or 1 mm area of the retina. These data were post-processed beginning with frame registration [19] . Then, from a set of 100 or 200 frames we choose 10 frames that have minimum motion artifacts and that showed similar retinal structures (this is necessary because vertical eye motion shifts our B-scans to different retinal locations). These frames are then averaged; each pixel value is the mean intensity from all frames, to create one frame. 
Results and discussion
Theoretical results for TCA and LCA
A reduced model eye was used to predict the magnitude of TCA for three retinal imaging scenarios. For off-axis imaging, Fig. 4 shows the range of eye rotation, ±φ, over which TCA can be zeroed simply by re-positioning the eye until its nodal point coincides with the camera's optical axis. This scenario is depicted schematically in Fig. 2(D) . As evident in Fig.  4 , the amount of allowable rotation depends strongly on the camera's exit pupil diameter, with a larger camera pupil reducing the allowable rotation. For the AO-UHR-OCT system described here, which has a 6.6 mm exit pupil, TCA-free imaging is predicted over a ±9.2° rotation. Interestingly, conventional OCT (without AO) typically has a camera exit pupil of about 1.5 mm, which allows a much larger + 33° rotation. Of course this strategy for zeroing the TCA relies on the premise that the location of the nodal point is known, which in actual imaging situations is rarely the case. Nevertheless, our theoretical results with the reduced eye reveal that proper alignment of the eye to the camera enables TCA-free imaging of the retina from the fovea to almost the optic disc (15° retinal eccentricity) even for relatively large camera pupils. Fig. 4 . Range of eye rotation, ±φ, over which TCA can be zeroed simply by re-positioning the eye until its nodal point conincides with the camera's optical axis. Maximum rotation is reached when the eye's pupil begins to occlude the camera's exit pupil. Diameter of the eye's pupil was set to 8 mm. Separation of the nodal point and entrance pupil of the eye is assumed to be 4 mm [40] . Dashed line highlights maximum rotation predicted for the AO-UHR-OCT system described here (6.6 mm pupil).
Without knowledge of the nodal point location, high-resolution retina cameras -such as the one described here -rely on an alignment procedure in which the entrance pupil of the eye is simply centered on the exit pupil of the camera. This begs the question then as to how much TCA is induced by centering the pupils for off-axis imaging (as for example the scenario depicted in Fig. 2(C) ) and furthermore how much error in the lateral alignment of the eye to the camera can be tolerated. For the latter question, Fig. 5(left) shows the predicted TCA for lateral displacement of the eye's nodal point from the camera's optical axis. The figure shows that larger displacements as well as wider source spectra lead to larger TCA. Empirically, we have observed that use of a pupil camera and bite-bar stage permits accurate positioning of the subject's pupil to within about + 0.5 mm. The achromatic axis associated with a given patch of retina is defined by a line that intersects the patch of retina and nodal point of the eye. Assuming momentarily that this achromatic axis passes through the center of the eye's entrance pupil (h = 0), a + 0.5 mm error in (Ti:Sapphire) light sources, respectively. These TCA values are all noticeably smaller than the 3.5 μm lateral resolution we can achieve with the AO system and therefore should have little impact on overall image quality. However, we do not know if the achromatic axis, associated with a particular patch of retina, intersects the center of the entrance pupil for the subjects we imaged in this paper. Rynder, et al., [42] sheds some insight into this at least for the foveal region. They measured the separation, h, for the foveal achromatic axis in a population of young adult eyes. The average eye was found to be free of TCA at the fovea (<h> = 0). The average magnitude, |h|, however was <0.5 mm and ranged from 0.02 to 1.21 mm. Combining the 0.5 mm average magnitude with our + 0.5 mm alignment accuracy suggests an actual lateral displacement, h, that is likely no larger than 1 mm, which corresponds to 3.2 μm for our SLD T840-HP source (UHR-AO-OCT). This is still less than the 3.5 μm lateral resolution of our AO, but likely large enough to cause degradation of image quality. While careful attention to pupil alignment (as was done here) appears to keep TCA at acceptable levels, many types of retina cameras are not designed with such accuracy. This may be particularly fitting of most OCT instruments (non-AO) that use small beam diameters and rely on a chin rest rather than bite-bar stage. For these instruments, positioning errors of 2 and 3 mm is probably common and correspond to TCA values that can approach 15 μm, especially when broadband light sources are used. ) TCA is plotted as a function of eye rotation (defined as the angle between the camera's optical axis and the eye's achromatic axis). The eye's entrance pupil remains centered on the camera's optical axis, which is consistent with our experimental alignment protocol. Three near-infrared bands were chosen that correspond to specific OCT light sources.
Figure 5 (right) shows the predicted TCA for off-axis imaging when the eye's entrance pupil remains centered on the camera's exit pupil. The figure shows that larger rotations as well as wider source spectra lead to larger TCA. As an example for our SLD T840-HP source (UHR-AO-OCT), the TCA remains below 3.5 μm up to + 16° of rotation. This suggests that much of the retina from the fovea up to about the optic disc can be imaged with this source with relatively small TCA. The 50 nm source will allow even larger rotation (+ 39°), while the 140 nm less (+ 11°). Figure 5 (right) assumes the eye's entrance pupil is centered on the camera's exit pupil. However, if the two could be offset using the alignment strategy investigated in Fig. 4 , TCA could be reduced further and permit larger rotations. Of course this requires that the location of the eye's nodal point is known or can be estimated.
Next, we evaluated the performance of our achromatizing lens to correct the LCA of the eye using the commercial ray trace software, Zemax. m, where f = 16.7 mm) together with the spectral profiles of two light sources used to evaluate the system. The two sources included an SLD 371-HP, which was previously reported for AO-OCT (Δλ = 50 nm, λ 0 = 841nm; P out = 8 mW) and an ultra broad bandwidth Broadlighter T840-HP used in AO-UHR-OCT (Δλ = 112 nm; λ 0 = 836 nm; P out = 16 mW). These are experimental data as measured at the OCT detection spectrometer (light from the reference arm only). High frequency modulations superimposed on the light source spectra are due to "coherence noise" terms (multiple back-reflections in the reference arm). Note that for the Broadlighter T840-HP, LCA of the eye causes wavelengths at the edges of source spectrum to focus well outside the depth of focus for a 6.6 mm pupil, confirming that LCA correction is required for diffraction-limited imaging.
Experimental results
To date more than 20 individuals (including healthy and diseased retinas) have been imaged with our UHR-AO-OCT. A forehead rest and bite bar, together with external fixation light, were used to minimize head and eye motion. Before each imaging session, the subject's eyes were dilated and cyclopleged.
AO-OCT vs. AO-UHR-OCT
To test the improvement achieved with our new UHR-AO-OCT system two light sources (both from SUPERLUM LTD.) have been used consecutively. First we used the previously reported SLD 371-HP and then the Broadlighter T840-HP. The same detection arm spectrometer setup was used for both light sources. Only 1024 of 2048 elements of the Atmel line scan CCD camera were active during SLD-371 operation while all 2048 pixels were active for the T840-HP Broadlighter. The coherence length of both light sources was determined in vivo from specular reflection in the center of the fovea To illustrate the benefits of increased spectral bandwidth on AO-OCT images, Fig. 8 shows two videos acquired with the same AO-OCT system over the same retinal location (4.5° nasal retina (NR)) with AO focus set on the photoreceptor layers. The only difference between these two B-scans is the spectral bandwidth of SLDs used for imaging. One image was acquired with our "old" SLD (371-HP with ~6.5 μ m axial resolution) and the second was acquired with a broadlighter SLD (T840-HP with ~3.5 μ m axial resolution). In addition to a clear improvement in axial resolution, a change can be observed in the thickness at the photoreceptor layer junctions that act as reflecting surfaces; namely (I/OS) and Verhoeff's Membrane (VM -end tips of cone photoreceptors outer segments). The difference in speckle size between the two images seems to have an even bigger effect on visibility of retinal features. One may have the impression that both images have different lateral resolution; however, based on AO system data both images have a similar lateral resolution, on the order of ~3.5 μ m (at the photoreceptor layers). This is a clear example of the negative effect that speckle has on the ability to visualize microscopic retinal structures. By playing movies in Fig. 8 an even further reduction of speckles can be observed, due to the temporal averaging of speckle fields by our visual system. A similar effect can be obtained by averaging multiple frames acquired over the same region. We will test this method to further reduce the degrading effect of speckles in the following examples. The names of the retinal layers shown in Fig. 8 are similar to those introduced in our previous work [16].
AO-UHR-OCT with vs. without achromatizing lens
To illustrate the benefit of our achromatizing lens for AO-UHR OCT imaging, Fig. 9 shows two B-scans acquired with the same AO-OCT system over the same retinal location (4.5° nasal retina (NR)) with AO focus at the photoreceptor layers. B-scan acquisition differed only in terms of whether the achromatizing lens was present or absent in the sample channel. In addition to increased intensity of the photoreceptor layers seen on the B-scan acquired by AO-UHR-OCT with the achromatizing lens (both images are shown using the same intensity scale) an improvement in lateral resolution can be observed. This results in better separation of single photoreceptors as seen on a magnified linear intensity scale of the B-scans in Figs. 9(C) and 9(D). No visible difference in speckle size or axial resolution can be observed. This is a clear example of the negative effect that LCA has on the image quality. Note that one can easily match pairs of bright spots created by light reflected within single cone photoreceptors at the Inner/Outer segment junction and Verhoeff's membrane. This potentially allows length measurement of single photoreceptor inner and outer segments. Intensity on Figs. 8 and 9 logarithmic scale differ due to use of different maximum values used on intensity scale (more pixels are saturated on Fig. 8 ).
Speckle reduction by multiple B-scan Averaging
Three examples of AO-UHR-OCT image enhancement obtained by applying multiple frames averaging are presented. The first case illustrates the result of this procedure with the corresponding real-time movie acquired at 9° S (superior) 4.5° NR eccentricity. In this case our AO sub-system was focused on inner retinal layers (increased sensitivity in RNFL, GCL and IPL). Note that even for this large eccentricity no clear effect of TCA on image lateral resolution or intensity can be observed. Clear reduction in speckle contrast can be observed between two images after averaging.. This results in increased contrast between RNFL bundles and some capillaries. Granulated structures within inner retinal layers are visible as well. Unfortunately, due to the way this image was created, we cannot definitively correlate these structures with retinal cells. However their location and preservation after speckle averaging suggest that these are real scattering centers lying within retinal layers. Additionally frame averaging increases system sensitivity (ability to see structures with lower reflectance), which is especially important in the context of imaging diseased and elderly eyes which generally appear dimmer due to stronger light absorption and scattering by the ocular media. As background to AO-UHR-OCT imaging in clinical settings, it should be noted that in all AO-based imaging instruments, the image quality is reduced when imaging older or diseased eyes. This is due to a combination of reduced clarity of ocular media, (increased light scattering and absorption) as well as increased ocular aberrations. In many cases the image intensity and resolution are reduced, making it harder to implement AO based cameras in clinical settings where most subjects are either elderly or have eye disease. The next two examples of AO-UHR-OCT imaging in clinical settings presented below are special cases. Namely, image quality and visible retinal features visible on B-scans allowed better diagnosis of retinal conditions than was possible with standard clinical imaging systems. Figure 11 represents micro-traction in the center of the fovea, which due to its small size was not correctly diagnosed using other clinical imaging modalities including commercial Fd-OCT and fundus photography. Arrows indicate probable location of the cells still attached to shrinking vitreous that pull the outer retina outward.
As in Fig. 10 , a real time movie, acquired over the foveal region, is presented in Fig. 11 to compare image quality for single and averaged frames. Here, again, improvement in speckle Figure 12 represents a case of micro-scotoma (small blind spot close to fovea) that could not be explained by any standard imaging modality. It is evident however from AO-UHR-OCT that structural disruptions in the outer nuclear layer extending to the photoreceptor layers are good candidates to account for the reduction in vision reported by this subject. The benefits of averaging multiple frames for improved visualization of retinal structures is evident. These examples demonstrate that speckle reduction by AO-UHR-OCT frame averaging may have an important role in displaying and diagnosing retinal diseases with AO-OCT instrumentation.
Conclusions
We have developed an improved AO-OCT system and evaluated its performance for in vivo imaging of normal and pathologic retina. This instrument was used to image the retina in several subjects with isotropic 3. was developed for correction of the eye's LCA across the near infrared wavelengths at which the ultra broadband light source operated. Because the achromatizing lens does not correct for TCA induced by the eye, we theoretically investigated the two primary contributors of TCA for retinal imaging: (1) errors in the lateral positioning of the eye and (2) off-axis imaging. TCA was predicted to be relatively small for the imaging conditions in which our AO-UHR-OCT instrument was used. Diffraction-limited lateral resolution was achieved by cascading two wavefront correctors, a large stroke bimorph DM for correction of large-magnitude, low-order aberrations and a high fidelity MEMS DM for correction of low-magnitude, high-order aberrations. An added benefit of the broadband light source is the reduction of speckle size in the axial dimension. Additionally, B-scan averaging resulted in further reduction of the speckle contrast and enhancement of image sensitivity. As a result, B-scans are easier to interpret. Moreover microscopic scattering structures, that are not speckle noise, lying within retinal layers could be observed. Finally, two examples of AO-UHR-OCT imaging of diseased retinas in clinical settings demonstrated better diagnosis of disease.
